INTRODUCTION
Combining single photon emission computed tomography (SPECT) with magnetic resonance imaging (MRI) for additional anatomical information has two important advantages compared to the combination with x-ray computed tomography (CT), which is the current standard. First, MRI provides superior soft-tissue contrast to CT, which is important in brain imaging as the brain consists mainly of cerebro-spinal fluid and white and gray matter. And second, MRI does not involve any radiation dose like CT. In clinical settings, SPECT and MR images are often combined using software fusion but if SPECT and MRI could be fully integrated, it would increase patient throughput, reduce total patient examination time, and eliminate coregistration errors. It would also enable the possibility of simultaneous dynamic SPECT and MRI, which is of interest in research.
Integrating SPECT with MRI is challenging for a number of reasons. First, the attenuation maps that are used during SPECT reconstruction and that are normally derived from CT cannot directly be obtained from the MRI and an intermediate step is needed to obtain the attenuation map. 1 Techniques to derive the attenuation map from MRI are based on segmentation and atlas registration, which has some drawbacks related to interpatient variability. Second, the collimator should not contain any ferromagnetic materials in order not to disturb the B 0 field of the MRI. It should ideally be made of a material with a magnetic susceptibility close to human tissue. Third, the detector modules need to be able to operate in the strong magnetic field. Currently, most clinical SPECT detectors are based on photomultiplier tubes (PMTs) that cannot operate in a magnetic field and give rise to B 0 magnetic field distortions. Fourth, the SPECT system should be stationary in order not to perturb the magnetic field. A stationary system does not require any translational or rotational steps and is therefore not only more stable but also makes it possible to perform dynamic studies. However, most current SPECT systems rely on rotation to acquire images at different projection angles and it is challenging to obtain sufficient angular sampling with a stationary system. Finally, the MR gradients cause eddy currents in the collimator material (typically lead) which can perturb the MR gradient field and should be minimized for successfully integrating SPECT and MRI. 2 Finally, the SPECT system should fit within the bore of a clinical MRI scanner with a diameter of 70 cm. However, current clinical systems are bulky dual-or triple-head gamma cameras equipped with fan beam or parallel beam collimators.
Some of the above challenges have already been addressed during the development of MRI-compatible positron emission tomography (PET). For example, the MRI-compatibility of different gamma shielding materials has been investigated for PET, 3 but the results can also be used for SPECT. Also useful are the MRI-compatibility tests of different PET detector modules. The first MRI-compatible PET systems were based on avalanche photodiodes (APDs). 4 More recently, most MRIcompatible PET designs are based on silicon photomultiplier (SiPM) detector modules 5, 6 or digital silicon photomultiplier (dSiPM) detector modules. 7 We refer the interested reader to Ref. 8 for an extensive review of PET/MRI. Additional challenges of SPECT/MRI (compared to PET/MRI) are the space required for the collimator and potential eddy current interferences with MRI.
While the developments in PET/MRI resulted in both clinical [9] [10] [11] [12] and preclinical systems, 7,13-16 research on SPECT/ MRI is still mainly focussed on small-animal systems. The earliest SPECT/MRI systems were based on cadmium-zinctelluride (CZT) detector modules. For example, the MR-SPECT was developed in 2010 as a proof of concept and is based on a parallel hole collimator and a whole body 4 T MRI system and requires a rotation of the object. 17 A fully stationary system was also developed using CZT detector modules, for a 12-cm bore preclinical MRI system. [18] [19] [20] Similarly, Meng et al. developed a SPECT insert for a 22-cm bore 4.7 T MRI. 21, 22 More recently, the MRC-SPECT (Ref. 23) has been built. This ultrahigh-resolution (UHR) system is based on cadmium-telluride (CdTe) detector modules and multipinhole collimators and is also stationary. It fits within a preclinical MRI system. Another small-animal system is still under development for the INSERT project. 24 It is designed to fit within a preclinical 7 or 9.4 T MRI system with a 20 cm bore diameter and is based on SiPMs and multipinhole collimators and is stationary. A human brain SPECT/MRI is also planned within the same project. 24 It is designed to fit within a 59-cm clinical 3 T MRI system and is also stationary and based on SiPMs and multipinhole collimators.
All these systems are still in research phase and no truly integrated SPECT/MRI systems are yet commercially available. At this moment, Mediso Medical Imaging Systems 25 is the only company offering a preclinical 1 T sequential SPECT/MRI system (nanoScan SPECT/MRI).
In this study, we design a SPECT insert for MRI based on a multipinhole collimator and dSiPM detector modules, which have shown to be MR-compatible 7 and have an excellent intrinsic resolution (0.5 mm) and an energy resolution of 20% (at 140 keV) when combined with a monolithic 2 mm thick LYSO crystal. 26 An excellent detector resolution makes it possible to design a multipinhole system with minification, 27 as opposed to traditional multipinhole systems, which use magnification to obtain a good spatial resolution by placing the detector relatively far from the pinholes (phs) [see Eq. (1)]. Minification, on the other hand, allows the system to be compact, which is needed to fit inside a clinical MRI and makes it possible to obtain more angular projections simultaneously 28 so that we can achieve complete transverse sampling with a full-ring multipinhole collimator without rotating the camera.
We will first describe the general design of the collimator and detector ring and then describe the optimization process used to maximize the volume sensitivity for a target resolution of 7.2 mm in the center of the brain. Finally, we will simulate and reconstruct both noiseless and noisy phantom data to assess reconstructed spatial resolution, angular sampling, and image quality. We will also compare the system to a clinical system with the same resolution: a triple-head SPECT camera equipped with ultrahigh-resolution fan beam collimators (UHR FAN). Figure 1 illustrates the general design of the SPECT insert. It is inspired by existing small-animal SPECT/MRI inserts 23, 24 and consists of a detector ring and a cylindrical multipinhole collimator. The insert fits within the MR bore and is positioned between the gradient coils and the Tx/Rx coil, which should be close to the patient's head for optimal performance.
MATERIALS AND METHODS

2.A. Multipinhole system design and optimization
2.A.1. Detector design
The detector geometry is cylindrical, based on dSiPM detector modules of 32 × 32 mm 2 [ Fig. 2(c) ]. The detector modules have shown to be MR-compatible 7 and have an excellent intrinsic resolution (0.5 mm) and an energy resolution of 20% (at 140 keV) when combined with a monolithic 2 mm thick LYSO crystal. 26 Excellent spatial resolution makes it possible F. 1. Configuration of the SPECT system (collimator and detector) inside the MRI, between the RF coil and the gradient coils. The RF coil is both a transmitter and receiver (Tx/Rx) and its dimensions are based on an eight channel Rx/Tx head coil.
to design a multipinhole system with minification and acquire more angular projections simultaneously (Fig. 3) , which is needed to obtain sufficient angular sampling without rotating the system. The detector modules have a size of 32 × 32 mm 2 , but only 30 × 30 mm 2 can be used for correctly positioning the detected events. This causes gaps in the detector ring [ Fig. 2(c) ], which could introduce artifacts. To investigate this, we also modeled the gaps in the simulation study. The radius of the detector ring is optimized in Sec. 2.A.3. We chose to use eight rings as a compromise between axial sampling and loss of sensitivity due to the axial slats. Simulations will show that eight rings are sufficient for this design. The rings are rotated relative to one another to improve angular sampling.
2.A.2. Collimator design
A ring-shaped collimator is difficult to produce with traditional manufacturing techniques but can be built with additive manufacturing using laser sintering of pure tungsten powder. In contrast to the tungsten alloys that are used in traditional manufacturing techniques, tungsten powder does not contain any ferromagnetic materials and is therefore interesting for building MR-compatible SPECT system.
29,30
2.A.3. System optimization
It is our goal to optimize the SPECT insert to achieve the highest possible sensitivity while the total detector surface area is fixed and the system spatial resolution matches the current state-of-the-art. We chose a detector surface area of 1393 cm 2 (136 dSiPMs), which corresponds to the area that is maximally irradiated when a human brain is scanned on the clinical triplehead PRISM XP 3000 with a fan beam collimator, and we chose a spatial resolution of 7.2 mm in the center of the FOV, which is comparable to the resolution of the UHR fan beam system. We assume the FOV to be cylindrical with a diameter of 220 mm and an axial length of 124 mm which is representative for an adult human brain. 31 We included six design parameters in the optimization study: the detector radius D, the collimator radius c, the pinhole aperture diameter d, the pinhole opening angle α, the number of pinholes per ring N p , and the detector length L D . Other parameters are collimator material thickness t, pinhole position, pinhole tilt, and detector length. To simplify the collimator design, all the pinholes have the same aperture diameter, opening angle, and tilt. These pinholes all view the complete transverse FOV without allowing overlap of the pinhole projections, are not tilted in the axial direction, and all focus on the center in the transverse direction. The collimator thickness is 5 mm. The axial length of the detector depends on D and the fixed detector surface area.
We used an analytical optimization process that was previously described in Ref. 32 and can be summarized as follows:
• Loop over all values of D (between 150 and 350 mm, respectively, the outer radius of an eight channel Tx/Rx head coil and the gradient inner diameter of a clinical MRI).
• Loop over all values of c (between 150 mm and D).
• For each combination of c and D:
-Determine the number of pinholes per ring (N p ) and their opening angle (α) using the geometrical relationship that follows from the fact that all pinholes view the complete transverse FOV without allowing overlap of the pinhole projections. -Derive the pinhole aperture diameter d needed to achieve the target resolution in the center of the FOV, using the formulas presented by Refs. 33 and 34,
F. 4. A transverse slice of the SPECT system with collimator radius c and detector radius D.
R i is the intrinsic resolution of the detector, which is assumed to be 0.5 mm, d Reff is the resolution effective diameter (corrected for penetration), R CFOV is the target resolution (7.2 mm), and m is the magnification of the system and is described by
The resolution effective diameter d Reff is described by two equations, 34 which reduces to the same equation for a point source in the center of the FOV,
Equations (1)-(3) are then combined and rearranged to explicitly show d,
-Determine the axial length of the detector ring by dividing the fixed detector surface area (1393 cm 2 ) by the circumference of the detector ring (2πD).
-Calculate volume sensitivity.
• Determine the volume sensitivity for each combination of c and D and find the maximum.
To simplify the optimization, we approximated the detector to a perfect ring (instead of a polygon composed of flat detector modules).
2.B. Phantom simulations
After optimizing the design, we simulated and reconstructed phantom data to evaluate system performance. First, we evaluated spatial resolution and sampling sufficiency in two different multipinhole designs (one with more pinholes than the other). Therefore, we simulated and reconstructed noiseless projection data of three phantoms, namely, a coldrod phantom [ Fig. 6(a) ], a Defrise phantom [ Fig. 7(a) ], and a contrast phantom [ Fig. 6(d) ]. We also compared the multipinhole SPECT insert with a clinical triple-head fan beam system. Therefore, we simulated noisy data of the contrast phantom and evaluated the contrast-to-noise ratio (CNR) in both systems. Finally, we also simulated and reconstructed noisy projection data of a Hoffman phantom [ Fig. 10(a) ] to represent a more clinically relevant situation and compared the images visually.
2.B.1. Noiseless simulations
All noiseless projection data were simulated using a GPUbased pixel-driven forward projector 35 that was previously developed in our research group 28, 36 and is based on the principle of ray-tracing, using 456 rays to model the finite dimension of the pinhole opening. An effective pinhole aperture diameter 34 was used to model pinhole penetration. The phantoms were modeled using a grid with 240 × 240 × 240 voxels of 1 × 1 × 1 mm 3 and each detector was modeled using 300 × 300 pixels of 0.1 × 0.1 mm 2 . This results in an active detector area of 300 × 300 mm 2 and 2 mm gaps between the detector modules. After the simulation, we applied a Gaussian blur of 0.5 mm full-width at half-maximum (FWHM) to the projection data to model the intrinsic resolution of the detector and then rebinned the projection data to a pixel size of 0.5 × 0.5 mm 2 . Attenuation was modeled analytically based on the assumption that the phantoms are made of polymethyl methacrylate (PMMA) and filled with water. No scatter was modeled.
2.B.2. Noisy simulations
Noisy simulations were performed using the Monte Carlo simulator  version 6.1. 37 We simulated phantoms filled with 111 MBq of Tc-99m and an acquisition time of 30 min. The simulation incorporated the full-ring multipinhole collimator, the scintillator material (for modeling the stopping power), the detector's intrinsic spatial resolution, the detector's energy resolution, and the gaps. Again, the pixel size was rebinned to 0.5 × 0.5 mm 2 pixels after applying a Gaussian blur to model the intrinsic resolution of the detector. Scatter and attenuation were modeled based on the assumption that the phantoms are made of PMMA and filled with water. We performed the noisy simulations both for the multipinhole SPECT insert and for a clinical fan beam system.
2.B.3. Phantoms
All phantoms had a cylindrical shape with a diameter of 220 mm and a length of 124 mm.
Cold-rod phantom. The cold-rod phantom was used to evaluate the reconstructed spatial resolution of the SPECT insert. The phantom contains six segments with rods with diameters of 10, 8, 6.5, 5, 4, and 2 mm. The distance between the cold rods is twice their diameter [ Fig. 6(a) ].
Defrise phantom. A Defrise phantom was used to evaluate the axial sampling. It consists of 8 mm-thick disks with a pitch of 8 mm [ Fig. 7(a) ].
Contrast phantom. The contrast phantom was used to evaluate contrast-to-noise as a measure of image quality. It has four hot rods (uptake ratio 7:1 and diameters of 6, 8, 10, and 12 mm) and two cold rods (diameters of 14 and 16 mm) positioned on a circumferential ring of radius 54.5 mm [ Fig. 6(d) ].
Hoffman phantom. Finally, we performed noisy simulations of a Hoffman phantom modeled as a voxelized phantom with 1 × 1 × 1 mm 3 voxels. The phantom has a spherical cold lesion with a diameter of 9 mm with zero activity [ Fig. 10(a) ]. The simulated uptake ratio between gray and white matter is 5:1 as in the physical phantom. 38 
2.B.4. Clinical triple-head UHR fan beam system
We compared the performance of the multipinhole SPECT insert with a PRISM 3000XP (a clinical triple-head SPECT system) equipped with UHR fan beam collimators. The PRISM has three rotating detector heads with NaI crystals and axial and transverse dimensions of, respectively, 242 and 406 mm. The detector intrinsic spatial and energy resolutions are 3.0 mm and 10%, respectively. The UHR fan beam collimator has a height of 34.9 mm, a hole size of 1.4 mm, and a focal length of 50 cm, resulting in a system spatial resolution of 7.2 mm in the center of the FOV and a volume sensitivity of 3 × 160 cps/MBq = 480 cps/MBq. The septal thickness is 0.15 mm. We simulated an acquisition with 40 rotation steps, which results in 120 projection angles (as there are three detector heads).
2.B.5. Image reconstruction
The noisy and noiseless multipinhole projection data were reconstructed with maximum likelihood expectation maximization (MLEM). MLEM was implemented using a pixeldriven forward projector modeling the finite dimension of the pinhole opening using seven rays 39 that cover the pinhole area with Gaussian quadrature weights and a voxel-driven back projector with one ray. Attenuation, sensitivity and spatial resolution are only modeled in the forward projector.
The fan beam projection data were first rebinned to parallel beam data and then reconstructed using MLEM. For every projection angle, the estimated image was rotated using a cubic spline rotator 40 and then forward projected toward each pixel, while the back projector was voxel-driven. Resolution was modeled using a blurring operation in image space with a distance dependent FWHM. Sensitivity was modeled using a distance dependent weighting factor. We used the sensitivity and resolution formulas described by Moyer. 41 All reconstructed images were represented within a 128 × 128 × 128 matrix with 1.875 × 1.875 × 1.875 mm 3 voxels.
2.B.6. Contrast-to noise
We compared the fan beam system and the multipinhole insert quantitatively, based on contrast-to-noise ratio. Therefore, we used the contrast phantom as described in Sec. 2.B.3 and plotted the contrast recovery coefficient (CRC) at each image reconstruction iteration as a function of the coefficient of variation (COV). The CRC and COV values are averaged over nine observations coming from nine 7.5-mm slices of the contrast phantom, spaced 11.25 mm apart (center-to-center distance).
The CRC is defined as follows:
where N n is the number of averages (nine this case),L j is the mean activity concentration in the lesion volume of interest (VOI) in slice j,B j the mean activity concentration in the background VOI in slice j, and C the true lesion-background ratio. Lesion VOIs were delineated based on their known location and size. Background VOIs were delineated as shown in Fig. 6(d) . The COV is defined as follows:
where σ B j is the pixel-to-pixel percent standard deviation (%SD) in the background region of the slice considered. We also included the error bars (plus and minus the standard deviation over the nine CRC values).
RESULTS
3.A. Analytical optimization
Figure 5 (a) shows the result of the optimization process: the volume sensitivity is plotted as a function of the collimator radius and for different detector radii. The volume sensitivity is maximized for a collimator radius of 150.2 mm and a detector radius of 172.67 mm, which corresponds to four rings of 34 dSiPMs. For these parameters, 24 phs with an opening angle of 95
• can be placed in one ring without having any overlap between the pinhole projections [ Fig. 5(b) ]. The pinhole aperture diameter needed to achieve the target resolution of 7.5 mm is 0.62 mm. We used eight rings of 24 pinholes for sufficient axial sampling. The rings are rotated relative to one another to improve angular sampling. The first ring has pinholes at 0
• , 15
• , 30 • , . . . . Although the 24-pinhole setup has the highest sensitivity, we wanted to compare the system with another setup having more pinholes and thus better angular sampling. Therefore, we selected a second setup with more pinholes per ring at the cost of a slightly decreased sensitivity. The second setup has the same detector radius of 172.67 mm but a collimator radius of 156.63 mm so that 34 pinholes with an opening angle of 92.6
• can be placed in one ring without having any overlap between the pinhole projections [ Fig. 5(b) ]. The pinhole aperture diameter needed to achieve the target resolution of 7.5 mm is 0.34 mm. Again, we use eight rings of pinholes for sufficient axial sampling. The first ring has pinholes at 0 
3.B. Noiseless phantom studies
3.B.1. Spatial resolution
In the cold-rod phantom, the 24-pinhole setup [ Fig. 6(b) ] performs better than the 34-pinhole setup [ Fig. 6(c) ]. With the 24 pinholes, we can distinguish the 5 mm cold rods. The 34-pinhole setup shows a very good resolution at the edge of the phantom but suffers from sampling issues in the center, which can be explained by the gaps between the detectors. In the 24-pinhole setup, the gaps between the 34 detectors are back projected irregularly, i.e., to different areas in image space. In the 34-pinhole setup, however, in four out of the eight pinhole rings, the gaps between the 34 detectors are always back projected to the center. For this reason, the central region is not sufficiently sampled and cannot be reconstructed without artifacts.
3.B.2. Angular sampling
On the other hand, the 34 pinholes clearly perform better in the contrast phantom [Figs. 6(c) and 6(f)]. The contrast phantom has a large uniform region in the center, which is typically easier to reconstruct. The reconstruction of this phantom suffers less from the gaps and benefits more from the increased angular sampling.
3.B.3. Axial sampling
The individual disks of the Defrise phantom are well resolved for both the 24-and 34-pinhole setup, which shows that axial sampling completeness is achieved in both setups [Figs. 7(b), 7(c), 7(e), and 7(f)]. Figure 8 shows the Monte Carlo simulated contrast phantoms for both the 24-pinhole multipinhole system and the UHR fan beam system. The images are shown at equal noise level (COV = 30%) after a 3D Gaussian filter was applied with a FWHM of 6 mm and a kernel size of 25 × 25 × 25 voxels. This corresponds to 170 iterations for the MR insert and 471 iterations for the fan beam system. We observe that the noise is less correlated with the UHR FAN system than with the multipinhole system, but we do not observe any visual differences in contrast. For more quantitative results, we also evaluated the contrast-to-noise ratio (Fig. 9) . We see that at 30% COV the CRC is 16% and 25% lower with the 24 pinholes in the 8 and 10 mm hot lesions, respectively, but in the 6 mm hot and 16 mm cold lesions the CRC is 13% and 11% higher, respectively, with the 24-pinhole setup. In the other lesions, the difference is smaller than the standard deviation of the CRC. We also observe a larger standard deviation in the cold lesions when acquired with the multipinhole system. This is due to interslice differences, which are bigger in a multipinhole system than in a fan beam system, which has the same sensitivity profile in every slice. Figure 10 shows the reconstructed images of the Hoffman phantom after postsmoothing with a 3D Gaussian filter (FWHM of 7.5 mm and kernel size of 25×25×25 voxels). The images are shown at equal noise level (COV = 30%), with the COV calculated in uniform parts of the phantom (the thalamus and the cerebellum). This corresponds to 164 iterations for the MR insert and 453 iterations for the fan beam system. The cold spot is slightly more visible in the multipinhole image than in the fan beam image and on the line profile we observe a higher peak-to-valley ratio in the multipinhole image. However, this result is based on a single noise realization and its only purpose is to illustrate the feasibility of SPECT/MRI in a more realistic phantom. For a quantitative comparison of image quality, we refer to the CNR study in Sec. 3.C.1. Figure 5 (a) depicts the result of the optimization study, which shows that the sensitivity is generally higher for a detector with a smaller radius (and thus longer axial length) compared to a detector with a larger radius (and thus a shorter axial length). For a fixed collimator radius, a smaller detector radius corresponds to more minification and consequently more pinhole projections can be used to fill the detector area, resulting in increased sensitivity. However, when there is too much minification, the sensitivity drops fast (as we can see in the last points of the curve corresponding to D = 172.67). The reason for this drop is that at high minification, the pinhole apertures need to be extremely small in order to achieve the target resolution, which results in reduced sensitivity. We found that volume sensitivity is maximized for a detector radius of 172.67 mm, which corresponds to four rings of 34 detector modules. Further decreasing the detector radius would result in such a high degree of minification that the target resolution of 7.2 mm can no longer be achieved. Figure 5 (a) also shows that the highest volume sensitivity is obtained with a collimator radius of 150.2 mm. Further reducing the collimator radius is not possible as the Tx/Rx MR coil still needs to fit within it.
3.C. Comparison with a clinical triple-head UHR fan beam system
3.C.1. CNR
3.C.2. Hoffman phantom
DISCUSSION
We performed noiseless simulations with two different setups. The first setup with 8 × 24 pinholes and four rings of 34 detectors is the one with the highest sensitivity. The second setup with 8 × 34 pinholes and four rings of 34 detectors has more angular projections but it experiences some sampling issues due to the gaps between the detectors. Therefore, we decided to continue with the 24-pinhole setup.
When we compare the 24 pinholes and UHR FAN system in terms of contrast-to-noise ratio, we see that the multipinhole system performs better in the 6 mm hot and 16 mm cold lesions and worse in the 8 mm hot and 10 mm hot lesions. In the other lesions, the difference is smaller than the standard deviation of the measured CRC. We also compared both systems based on a visual evaluation of a Hoffman phantom simulated with a clinically realistic activity and scan time and found that the 9 mm cold lesion was slightly better visible on the multipinhole image. Although this visual evaluation of the Hoffman phantom was based on a single noise realization and is not strong enough to be conclusive, it gives us the confidence that brain SPECT/MRI is feasible with a multipinhole insert so that in the future we can build the system and continue with measured data and a task-based comparison (e.g., lesion detectability). 
CONCLUSION
We have optimized a stationary brain SPECT insert for MRI based on high-resolution dSiPMs and a full-ring multipinhole collimator and found that the optimal system consists of four rings of 34 detector modules and a cylindrical collimator with a radius of 150.2 mm and eight rings of 24 pinholes with an aperture of 0.62 mm diameter. Analytical calculations predict a system spatial resolution of 7.2 mm in the center of the FOV and a volume sensitivity of 395 cps/MBq. This volume sensitivity is lower than a triple-head system with fan beam collimators of the same resolution, but higher than a dual-head system.
We first performed noiseless simulations of a Defrise and a cold-rod phantom and demonstrated sufficient axial sampling and a reconstructed resolution high enough to resolve rods as small as 5 mm. Moreover, Monte Carlo simulations of a contrast phantom demonstrated a contrast-to-noise ratio comparable to that of a triple-head fan beam system. Finally, we reconstructed noisy projection data of a Hoffman phantom with a 9 mm cold lesion to illustrate the application of the SPECT/MR insert in a realistic human brain phantom.
In conclusion, these results show that brain SPECT/MRI is feasible with a multipinhole insert and that we can expect image quality to be similar to the best clinical systems available. 
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